Purpose: The purpose of this study was to characterize a small plastic scintillator developed for high resolution, real-time dosimetry of therapy and imaging x-ray beams delivered by an image-guided small animal irradiator. Materials and Methods: A 1 mm diameter, 1 mm long polystyrene BCF-60 scintillating fiber dosimeter was characterized with 220 kVp therapy and 40, 50, 60, 70, and 80 kVp imaging beams on the Small Animal Research Platform (SARRP). Scintillator output, sensitivity (charge per unit dose), linearity, and 0.2-mm resolution beam profile measurements were performed. A validated in-house Monte Carlo (MC) model of the SARRP was used to compute detailed energy spectra at locations of dosimetry, and validated scintillator measurement with MC simulations. Mass energyabsorption coefficients from the National Institute of Standards and Technology (NIST) tables convolved with MC-derived spectra were used in conjunction with Birks ionization quenching factors to correct scintillator output. An air kerma calibration method was employed to correct scintillator output for in-air beam profile measurements with open, 5 9 5, and 3 9 3 mm 2 square field sizes, and compared to MC simulations. Results: Scintillator dose response showed excellent linearity (R 2 ≥ 0.999) for all sensitivity measurements, including output as a function of tube current. Detector sensitivity was 2.41 lC Gy À1 for the 220 kVp therapy beam, and it ranged from 1.21 to 1.32 lC Gy À1 for the 40-80 imaging beams. Percentage difference in sensitivity between the therapy and imaging beams before sensitivity correction and after using the Birks quenching factors were 52.3% and 10.2%, respectively. Percentage differences between the therapy and imaging beam sensitivities after using the air kerma calibration method for in-air measurements was excellent and below 0.3%. In-air beam profile measurements agreed to MC simulations within a mean difference of 2.4% for the 5 9 5 and 3 9 3 mm 2 field sizes, however, the scintillator showed signs of volume averaging at the penumbra edges. Conclusions: A small plastic scintillator was characterized for therapy and imaging energies of a small animal irradiator, with output corrected for using an in-house MC model of the irradiator. The characterization of the scintillator detector system for small fields presents steps toward implementing real-time measurements for quality assurance and small animal treatment and imaging dose verification.
INTRODUCTION
Image-guided small animal irradiators advance our ability to treat cancers through translational research. Performing accurate irradiations on small animals improves our understanding of radiation responses to human tumors. These preclinical studies require small fields (≤1 9 1 cm 2 ), which make high spatial resolution dosimetry vital in guaranteeing a high degree of accuracy and precision for treatment verification and quality assurance. Current ionization chambers, diodes, thermoluminescent dosimeters (TLDs), radiochromic films, chemical, and gel dosimeters do not simultaneously provide real-time output and the high spatial resolution needed for small field dosimetry. Pinpoint ionization chambers are not small enough to be suitable for fields less than 2 9 2 cm 2 field size as reported by PTW (PTW, Freiburg, Germany); however a smaller (2 mm diameter) prototype ionization chamber is being developed but has not been validated for kilovoltage x-ray beams. 1 In addition to the authors' knowledge, small diamond detectors have not been validated for field sizes smaller than 5 mm. [2] [3] [4] [5] Also, the small EDGE diode detector (Sun Nuclear, Melbourne, FL) can only accurately measure down to a 5 mm field as reported by the manufacturer.
Plastic scintillator detectors have an advantage of being near water-equivalent, versatile, and provide real-time output with high spatial resolution, and have been previously characterized for high energy beams. [6] [7] [8] [9] [10] Their small size and precision makes their use optimal for small fields, [11] [12] [13] and have been previously validated in vivo for radiotherapy. 14 Lower energy beams have been examined using scintillators for superficial and orthovoltage x-ray units, computed tomography (CT) scans, brachytherapy, and radiography. [15] [16] [17] [18] [19] [20] Unlike at high energies, an energy dependence exists for the scintillation efficiency of polystyrene at the low energies used in small animal irradiators (≤250 kVp), especially with imaging beams (≤80 kVp). 21 The x-ray absorption properties of plastic scintillators are different to that of air, and can be quantitated using the mass energy-absorption coefficient ratio between polystyrene and air. Accurate x-ray spectra of the beam must be obtained to convert this ratio into spectrally weighted, poly-energetic mass energy-absorption coefficients to properly convert absorbed dose in the scintillator to air kerma. 15, 21 Also, a decrease in scintillator sensitivity is produced from high linear energy transfer (LET) electrons liberated within the scintillator that reduce scintillation efficiency through ionization quenching. Quenching models have been used to describe this phenomenon, [22] [23] [24] [25] [26] with the Birks model 23 being the most commonly used. Previous studies have characterized plastic scintillators for low energy beams by correcting scintillator sensitivity for different x-ray beam energies in-air. 15 , 27 Boivin et al. 15 used radiations sources from a Gulmay CP 320 x-ray generator, a 137 Cs source, and a 60 Co source, using scintillators with 1 mm diameter, 10 mm long active volumes. Le Deroff et al. 27 used a scintillator with a 1 mm diameter, 15 mm long active volume, irradiated with the X-RAD 225Cx small animal irradiator (Precision X-Ray, Inc., North Branford, CT). Calculations of their sensitivity correction factors were approximate, where only the mean photon energy was used for spectral corrections.
We present the characterization of a small (1 mm diameter, 1 mm long active volume) plastic scintillator dosimeter for the 40-80 kVp imaging beams and 220 kVp therapy beam of the Small Animal Radiation Research Platform (SARRP, Xstrahl Inc., Suwanee, GA). Our validated in-house Monte Carlo (MC) model of the SARRP 28 was used to obtain accurate beam spectra for spectral corrections in conjunction with mass energy-absorption coefficients. Scintillator sensitivity and linearity was characterized, as well as beam profile measurements and computed correction factors validated using MC simulations. This work presents steps toward implementing a small, high resolution, real-time dosimeter for the use of small fields and low energies used in small animal irradiators.
MATERIALS AND METHODS

2.A. Equipment
2.A.1. Scintillator dosimeter system
A schematic of the plastic scintillation detector (PSD) system is illustrated in Fig. 1 . The PSD consisted of a polystyrene scintillating fiber (BCF-60, Saint-Gobain Crystals, Nemours, France) fiber with a 1-mm diameter, 1-mm long active volume emitting green light. The active volume was protected by a 0.015-mm thick polymethyl methacrylate (PMMA) cladding. This was optically coupled to a 1-mm diameter, 15-m long cladded PMMA optical fiber (Eska GH-4001, Mitsubishi International Corporation, NY), and made light-tight by a 0.6-mm thick black polyethylene jacket. The optical fiber was terminated by a SMA connector and connected through a fiber adapter to an H10721 photomultiplier tube (PMT, Hamamatsu Photonics, Hamamatsu, Japan). The PMT was connected to a PTW UNIDOS E electrometer (PTW) outputting lC-sensitive charge readings in real time. The measured charge was used as a surrogate for the light generated within the scintillator.
2.A.2. Small animal irradiator
The SARRP used in this study operates with 220 kVp (therapy) and 40, 50, 60, 70 , and 80 kVp (imaging) beam energies with focal spot sizes of 3.0 and 0.4 mm for therapy and imaging beams, respectively. 29, 30 The SARRP x-ray beam has a 0.8 mm Be internal filtration. All therapy and imaging beam measurements were acquired with 13 and 1 mA, respectively. A source-to-isocenter distance (SID) of 35 cm is used for all measurements unless otherwise noted. The 220 kVp therapy beam uses a 0.15 mm Cu external filtration, with beams usually collimated with 10 9 10, 5 9 5, and 3 9 3 mm 2 square and a 1 mm diameter circular field sizes. MicroCT imaging is acquired using 40, 50, 60, 70, and 80 kVp beam energies with 1 mm Al external filtration, uncollimated (approximately 15 9 15 cm 2 field size at isocenter), and with a 360°rotating couch and stationary xray tube. 31 Therapy and imaging beams qualities were measured in our previous study and are listed in Table I . 28 The distance from the source to the bottom of the collimator nozzles for the therapy beam were at a fixed 30 cm distance, and a 7.3 cm distance from the source to the bottom of the irradiator head for the open imaging beams.
2.B. Setup
The scintillator was irradiated at a 35 cm source-to-detector distance (SDD) for all therapy and imaging beam measurements at isocenter, with the x-ray source positioned at a 0°gantry angle. The treatment couch was replaced by a 5 mm thick foam (polystyrene) block (Fig. 2) . The scintillator was centered by attaching the 1 mm diameter collimator and shifting the scintillator in the x-y plane (plane perpendicular to the beam axis) using the SARRP positioning software until the highest scintillator response for the therapy beam was obtained. Centering along the z-axis (plane along the beam axis) was accomplished using plastic SDD pointers machined in-house. The SDD pointers were machined within a AE30 lm accuracy to the desired length, allowing for z-axis placement of the detector to be estimated less than a 0.1 mm uncertainty, which had a negligible effect on scintillator positioning uncertainty in the z-direction. To quantitate the remaining backscatter produced by the foam block, the scintillator probe was secured to the couch column by masking tape without the foam block, with the active scintillator volume carefully extended in-air at isocenter.
Air kerma measurements were performed to help characterize the scintillator's output (lC), sensitivity (output charge per unit dose), linearity, and in-air profile measurements. The scintillator probe was replaced by a 0.6 cc PTW 30013 farmer-type ionization chamber (PTW) and held in-air by a stand at isocenter.
2.C. Irradiations
Dark current readings (approximately 3.9 nA) were subtracted from each measurement. The dark current contribution was 2.9% of the total signal for the 220 kVp therapy beam, and ranged from 19.9% to 33.2% for the 80 and 40 kVp imaging beams, respectively. We started collecting electrometer measurements 5 s after the initial beam ramp-up to allow for the beam to stabilize. An average of three successive readings was performed for all scintillator and ionization chamber measurements. Contributions to the signal encountered by the stem effect were small, and found to be only 0.1% of the entire signal. Setup uncertainty was estimated by obtaining the standard deviation from different scintillator readings after taking down and reassembling the setup.
2.C.1. Scintillator sensitivity
Scintillator sensitivity was obtained from measurement of the scintillator response and air kerma (in Gy) at isocenter with uncollimated fields for all therapy and imaging beams. Air kerma was obtained using a 0.6 cc PTW 30013 farmertype ionization chamber, irradiated 0-50 Gy and 0-5 Gy for therapy and imaging beams, respectively, with measurements corrected according to the American Association of Physicists in Medicine Task Group 61 (AAPM TG-61). 32 The scintillator was then irradiated for the same amount of time as the ionization chamber.
Scintillator response as a function of tube current was also obtained in the same fashion as sensitivity readings. The scintillator and ionization chamber were irradiated up to the maximum tube currents of the 220 kVp therapy (13 mA) and 40, 50, 60, 70, and 80 kVp imaging beams (16, 12, 10, 9 , and 8 mA, respectively), using 1-min irradiation times.
2.C.2. Beam profiles
Therapy beam profiles were acquired in-air using the scintillator with 5 9 5 mm 2 and 3 9 3 mm 2 square fields with the scintillator positioned at 35, 37, and 39 cm SDDs. Offaxis resolution was 0.25 mm, and a 10-s irradiation time was used for each measurement point. High positioning accuracy was achieved by moving the couch column controlled by the SARRP software, with a position accuracy shown to be 0.2 mm. Profile measurements were also acquired using EBT3 film to assess volume averaging effects, with results displayed in Section 4. EBT3 film was placed in-air (extending beyond the foam couch) at the 35 cm source-to-isocenter distance and irradiated with the 5 9 5 and 3 9 3 mm 2 square beams, and the 1 mm circular beam for 100 s. The film results were normalized to an equivalent 10 s irradiation time to match scintillator readings. After 24 h, the film was scanned using an Epson model 10000XL scanner at 600 dpi, with the film previously calibrated for the 220 kVp therapy beam. 28 For additional verification, film was simulated in DOSXYZnrc as a 0.350 mm thick, 3 9 3 cm 2 sheet of water under the same irradiation geometry. All profiles were compared.
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2.D. Monte Carlo simulations
A previously validated in-house MC model 28 of the SARRP was created in BEAMnrc 34 using the EGSnrc MC code 35 and used to characterize our scintillator. MC-derived spectra were used to obtain mass energy-absorption coefficients to correct scintillator output, and scintillator profile measurements were compared to MC simulations for measurement validation. All MC simulations ran on an Intel Core i7-6700HQ CPU 2.6 GHz quad-core personal laptop.
2.D.1. Spectral correction with Birks model
Due to the need for spectra-weighted mass energy-absorption coefficients to correct the response of polystyrene, 15, 21 an accurate model of the spectra of the measured beam must be obtained. In addition, the model must also account for situations that may change the original spectra of the beam at the location of dosimetry, such as changes in media between the source and detector, detector off-axis position, distance from the source, and beam collimation. These changes to the original spectra cannot easily be accounted for using analytical software such as SpekCalc. 36 Our MC model generated spectra by creating phase space files at the point of dosimetry, between the polystyrene active volume and polyethylene jacket interface, and inputting them into BEAMdp. 37 Spectra were obtained at all points of dosimetry described in Sections 2.C.1 and 2.C.2. Correction to scintillator output e k was obtained by
where k is a given beam energy in kVp, a k is the ionization quenching factor (for the active scintillator volume) defined by the Birks quenching model 23 and obtained from Boivin et al., 15 and w k is the MC spectral correction coefficient. The spectral contribution is corrected from unity (spectra at calibration conditions) to a value between 0 and 1 as determined by w k . The attenuation coefficient from the polyethylene jacket P sheath;k is defined as
where U k ðvÞ is the photon fluence of the spectra for a given photon energy hv,
18 l p ðvÞ is the polyethylene mass attenuation coefficient applied to every respective energy bin of the spectra, x is average jacket thickness in the beam direction (0.61 mm) and q is the density of polyethylene (0.940 g cm À3 ). MC spectral correction w k is the convolution of the complete photon energy fluence with every respective energy bin of the spectra, defined as
where l en q ðvÞ are the mono-energetic mass energy-absorption coefficients of the scintillator material (polystyrene) and outside medium (air), obtained from the National Institute of Standards and Technology (NIST) tables. 38 
2.D.2. Spectral correction with air kerma calibration
An empirical method was also analyzed to account for ionization quenching as well as any physical process leading to energy absorption within the detector volume. The air kerma calibration correction n k;m , is defined by n k;m ¼ N k;c P sheath;k;m P sheath;k;c
where c denotes measurement conditions used for scintillator air kerma calibration, obtained with an uncollimated beam at isocenter, and m denotes scintillator measurement. The air kerma calibration factor N k;c is expressed in Gy C
À1
, and
is the ratio of MC spectral corrections for measurement and calibration conditions, computed as described in Eq. (3). The air kerma calibration factor, for a given beam energy k, is defined as N k;c ¼
, where air kerma K k;c is obtained with the ionization chamber at isocenter (calibration point), and the scintillator reading M k;c is calibrated by obtaining scintillator measurement at the same calibration point. Any photon attenuation by the ionization chamber wall for air kerma measurements are corrected for by the chamber calibration performed at the National Research Council (NRC). All air kerma measurements with the ionization chamber and corresponding scintillator measurements were acquired for the same amount of time. The correction obtained using n k;m , for a given beam energy, bypasses the need to obtain complex ionization quenching factors by instead using an air kerma calibration factor, and corrects any changes to the photon spectra that deviate from the calibration conditions for in-air measurements off-axis and with distance from the source. This effectively calibrates the scintillator output to dose with a single calibration measurement for a given tube voltage.
2.E. Profiles
Therapy beam profile simulations were acquired with 5 9 5 and 3 9 3 mm 2 square collimated fields at 35, 37, and 39 cm SDDs using 10 s irradiation times for each measurement location. A single air kerma calibration measurement was completed for all profile measurements using an open 220 kVp therapy beam at isocenter. This single calibration measurement was conducted every session. Each measurement point was then corrected spectrally for off-axis, collimation, and distance from the source relative to the calibration geometry through MC methods as described in Section 2.D.2. All off-axis MC simulations used an active volume voxel size of 1 mm diameter and 1 mm length for the 5 9 5 and 3 9 3 mm 2 field sizes, moved in 0.20 mm increments. The polyethylene jacket and polystyrene scintillator were fully modeled to-scale of the actual scintillator in DOSXYZnrc 39 with simulations computing absorbed dose in Gy/ particle. MC dose was directly converted into dose D MC (Gy) from first-principles,
where MC is the raw MC output in Gy/particle, I is the tube current in Amperes, t is the exposure time in seconds, and q is the charge of an electron in Coulombs. Absolute dose to the scintillator for profile measurements was determined by
where n k;m is the correction factor defined in Section 2.D.2, and M k;m is the scintillator reading in Coulombs for a given beam energy, corrected for scatter contributions and dark current described in Sections 2.B and 2.C, respectively. Scintillator measurements were compared with MC simulations to validate our corrected scintillator profile measurements.
RESULTS
3.A. Scintillator response
Scintillator response as a function of air kerma for therapy and imaging beams are established. The difference in sensitivity between the therapy and 60 kVp imaging beam was 52.3%. It will be shown in Section 3.B, how this difference can be partly corrected for. Scintillator correction factors and sensitivities for therapy and imaging energies are shown in Table II .
Scintillator response as a function of tube current for therapy and imaging beams are displayed in Fig. 3 , as R 2 values for all beams were ≥0.999, with an average variance between three successive measurements of 0.3%, showing excellent scintillator linearity and precision. Increasing the tube current increases the dose rate, thus Fig. 3 , illustrates that the scintillator response is independent of dose rate for a given tube voltage. Both the ionization chamber and scintillator measurements were within a 0.3% variance between successive measurements. The positioning of the scintillator was more challenging to reproduce due to its small volume. Taking down and repositioning the scintillator setup over the course of three weeks produced a maximum change in output of 3%, while the relative ease of setup for the ionization chamber allowed for a setup uncertainty of 0.4%. This would add a 3% measurement uncertainty to the scintillator results presented.
3.B. Spectral correction with Birks model
MC-calculated spectra for uncollimated therapy and imaging beams at isocenter are displayed in Fig. 4 . After applying the spectral correction factor e k using Eq. (1) for therapy and imaging beams, we obtained the corrected scintillator output shown in Table II . The maximum percentage difference in scintillator sensitivity between imaging beams decreased from 8.3% to 0.7%. Percentage difference in sensitivity between the therapy and 60 kVp imaging beams was reduced from 52.3% to 10.2%. The variation in quenching factors is relatively well defined between the 40-80 kVp imaging energies, but the quenching factor becomes less defined and volatile for the 220 kVp energy, making it difficult to determine a proper quenching factor for the 220 kVp therapy beam. This illustrates that using the Birks quenching model for beam energies between 40-80 kVp corrects sensitivity appropriately; however, it does not fully correct our sensitivity for the 220 kVp beam. Due to this, the results of a different spectral correction using air kerma calibrations are shown in Section 3.C.
3.C. Spectral correction with air kerma calibration
Mean differences in sensitivity between the therapy and 60 kVp imaging beams for the uncorrected measurements [ Fig. 5(a) ], spectrally corrected measurements without the Birks quenching factor [ Fig. 5 (b) ], spectrally corrected measurements with the Birks quenching factor [ Fig. 5(c) ], and spectrally corrected dose response with air kerma calibrations [ Fig. 5(d) ], were 52.3%, 13.2%, 10.2%, and 0.3%, respectively. Thus, the air kerma calibration method produced excellent results.
3.D. Profiles
Off-axis energy spectra obtained for the 220 kVp therapy beam and 3 9 3 mm 2 field size used for spectral corrections are shown in Fig. 6 . This illustrates the MC-calculated spectra used for obtaining our off-axis profile measurement corrections for the air kerma calibration method. It also illustrates the amount of spectral changes that are incurred off-axis for a given field size. Spectra obtained off-axis resulted in reduced amplitude, but retained the central axis spectra shape. The central axis spectral amplitude reduces to 50% at approximately 1.1 mm out from the central axis, and then rapidly after that. Relative to the center of the beam for the open, 5 9 5, and 3 9 3 mm 2 field sizes, w 220 increased away from the center of the beam by approximately 0.5% at 80% of the central axis, and increased by 1.5% at FWHM. Maximum differences in w 220 on the central axis at 35 and 39 cm SDDs for the open, 5 9 5, and 3 9 3 mm 2 field sizes were 0.1%. This suggests that the effect of spectral changes in-air with distance from the source for all field sizes is minimal along the central axis.
Corrected scintillator profile measurements plotted with MC simulations are illustrated in Fig. 7 . Average variance between three successive measurements was 0.6% for the 10-s irradiations. Mean and maximum percentage differences between measurement and MC simulations were 2.4% and 3.5%, respectively, for the 5 9 5 and 3 9 3 mm 2 field sizes at all three SDDs. The percentage differences in FWHM between measurement and simulation for the 5 9 5 and 3 9 3 mm 2 field sizes at all three SDDs never exceeded 1.7%, showing good agreement in the penumbra region. Great care must be taken into positioning the scintillator for such small field sizes, as a 0.1 mm misalignment in scintillator position changed the FWHM dose by 4%. The 0.2 mm scintillator positioning shifts for profile measurements were a function of the ability of the SARRP positioning software. This positioning constraint is in contrast to high resolution 3D volumetric scintillator dosimeters that would not need to be translated. 40, 41 4. DISCUSSION Our small 1 mm diameter, 1 mm long polystyrene scintillator detector has been characterized for use in a small animal irradiator. We have obtained poly-energetic mass energyabsorption coefficients using MC simulations in conjunction with NIST tables to correct scintillator sensitivities for the 220 kVp therapy and 40-80 kVp imaging energies. This calibration method successfully corrected scintillator output, and produced agreement to within a mean relative difference of 2.4% between measurement and MC-simulated in-air profiles for 5 9 5 and 3 9 3 mm 2 field sizes at 35, 37, and 39 cm SDDs. The in-house MC model in conjunction with the high precision, high resolution, small PSD will allow for resolution previously only achievable through radiographic film.
For field sizes larger than 5 9 5 mm 2 , it has been shown that PSDs mitigate the partial volume effect for field sizes that are much larger than the detector. MC simulations showed that PSDs obtain the closest agreement to a theoretical perfect detector compared to a number of ionization chambers, diamond, and diode dosimeters. [42] [43] [44] It was found that non-PSD dosimeters deviated in dose measurements by 7.4% to 35.0% due to the partial volume effect, where the PSD produced a maximum 1.7% deviation due to volume averaging for similar geometries and field sizes used in this study. 43, 45 Moreover, experimental measurements by Ralston et al. 46 , and Morin et al. 47 have shown that PSDs are accurate enough in small field dosimetry to experimentally obtain correction factors for larger dosimeters.
The MC model of the scintillator is the same in dimensions as the scintillator used for experimental measurement (1 mm diameter and 1 mm length polystyrene active volume, with a surrounding 0.6 mm thickness in polyethylene sheath). This means that the MC profiles obtained in Fig. 7 are effectively modeling the volume averaging experienced by the experimental scintillator measurements.
However, to quantitate the volume averaging effect, scintillator profile measurements for the 5 9 5 and 3 9 3 mm 2 square beam and smaller 1 mm circular beam were compared to EBT3 film measurement and MC film simulations in Fig. 8 . The mean difference between film measurement and MC film simulations compared to scintillator measurement for doses higher than 80% of D max were 2.5% and 3.6% for the 5 9 5 and 3 9 3 mm 2 field sizes, respectively. The difference in beam size between film measurement and scintillator measurement at 80%, 50%, and 20% of D max are shown in Table III . Small volume averaging can be noted in the penumbra edges of the 5 9 5 and 3 9 3 mm 2 fields. Scintillator measurements dropped off quicker at the beginning of the 80% beam penumbra and widened at the end of the 20% beam penumbra. This illustrates that volume averaging at the penumbra edges needs to be considered when measuring 5 9 5 and 3 9 3 mm 2 field sizes using a 1 mm diameter scintillator.
To illustrate major volume averaging in the smaller 1 mm diameter field size [ Fig. 8(c) ], a large discrepancy in central axis dose between scintillator measurement with both film measurement and simulation is demonstrated, showing a 20% lower scintillator response compared to film measurement and simulation. This discrepancy can be explained by previous studies showing that a lower response in central axis output for relatively large detectors in small fields can be attributed to volume averaging. 48, 49 It was expected that the penumbra of the 1 mm diameter profile measurements obtained with the scintillator would be wider than in the film data, as was the case at the end of the 20% penumbra region. However, the 80%-20% beam penumbra for the scintillator measurement was 0.47 mm, where this was at most 0.08 mm wider than the EBT3 film measurement and MC-simulated beam penumbra. These results quantitate the large volume averaging effect that a 1 mm diameter plastic scintillator encounters when measuring small fields.
We compared in-air EBT3 film profile data (Fig. 8 ) to a recent study that presented profiles at a 2 cm depth in solid water at 35 cm SDD acquired with EBT3 film measurements. 50 The 50-50% (field size)/80-20% (penumbra) film measurement from our study for the 5 9 5, 3 9 3 mm 2 , and 1 mm diameter profiles were 5.09/0.35, 3.03/0.38, and 1.16/0.39 mm, respectively, compared to 5.04/0.23, 2.99/0.37, and 1.10/0.36 mm, respectively, of the previous study.
A 10.2% discrepancy in correcting our scintillator sensitivity remained when using the Birks' quenching model. It has been shown that plastic scintillators have an energy dependence in the low kilovoltage energy range that can be described by ionization quenching, but obtaining ionization quenching factors is not straightforward. The most widely used method to quantitate and correct for decreased light production at lower beam energies is through complex analysis of the Birks' quenching model. 23 Although the Birks quenching model is robust, further analysis has shown that no single Birks parameter (kB) can be used for all kilovoltage beam energies, and a variation in this parameter must be used to more accurately account for ionization quenching. 15 A diversity in reported kB values 15, 26, [51] [52] [53] [54] has raised doubts about the validity of the Birks quenching model, where Williamson et al. 21 expressed concerns as the Birks quenching model failed to account for their measurements. While the Birks quenching model agreed with our measurements to within 10.2%, Boivin et al. 15 found a combination of kB values to agree within 5% of their measurements. This illustrates that ionization quenching may be more complex than previously thought, or possibly other contributions to the response of polystyrene scintillators may exist at low photon energies.
In a recent study, it was shown that a temperature dependence exists in BCF-60 scintillating fibers, and that increasing temperatures produced a decrease in light yield. 55 The authors stressed the need for more comprehensive studies to fully understand the physical mechanisms of light yield production in plastic scintillators. Due to our SARRP irradiator being housed with immune compromised mice in a temperature-controlled quarantined room, temperatures during all scintillator measurements were 22 AE 1°C. This small variation in temperature would produce a maximum AE1% output difference in our measurements, and therefore cannot alone account for the 10.2% difference we observed.
The complexities of ionization quenching may be avoided by instead applying air kerma calibration factors as shown in Eq. (4) . This provides the advantage of bypassing the need for obtaining ionization quenching factors by simply calibrating the scintillator sensitivity in-air at isocenter for a given beam energy, and applying the ratio of mass energy-absorption coefficients between the measurement location and calibration location.
Due to backscatter, it was found that the presence of the foam block increased the scintillator readings by 13% and 15% for the therapy and imaging energies, respectively. It was found that the backscatter contribution from the 5 mm thick foam block was within a 2.6% difference of the backscatter produced by a 5 mm thick solid water slab. The relatively high backscatter can be attributed to a 4% greater effective atomic number in the dense polystyrene (foam) compared to that of water. 56 It has been previously shown that a 5 mm slab of solid water under similar geometries used in this study produced approximately 11% backscatter. 57 This suggests that the backscatter produced by the foam at low kV energies for the thin 5 mm block thickness is comparable to water. Scintillator readings with the foam block were then reduced by backscatter readings to obtain the response of the scintillator without the foam. The scintillator was extended by 5 cm into the air to remove scatter contributions. The scintillator would sag/shift during couch shifts and profile measurements, so the foam block was used to provide reproducible measurements.
CONCLUSIONS
A plastic scintillator dosimeter system with a 1 mm diameter, 1 mm long active volume has been characterized for therapy and imaging beams of the Small Animal Radiation Research Platform (SARRP). The presented dosimeter system has been shown to have good linearity, precision, and resolution for kilovoltage x-ray beams, making it an important detector for small fields. Spectral corrections have been obtained using a validated in-house Monte Carlo model together with NIST mass energy-absorption coefficients to correct scintillator energy response for conditions that modify the primary energy spectra of the beam. Future work will include expanding scintillator calibration and measurements for water and heterogeneous phantoms, in vivo applications, and including a smaller 0.5 mm diameter scintillator. This dosimeter system presents steps toward implementing possible real-time measurements for dosimetric quality assurance and treatment and imaging dose verification for small animal irradiators.
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